We present many examples of surface engineered polymeric biomaterials with nanosize modified layers, controlled protein adsorption, and cellular interactions potentially applicable for tissue and/or blood contacting devices, scaffolds for cell culture and tissue engineering, biosensors, biological microchips as well as approaches to their preparation.
Introduction
On many parameters, polymeric materials satisfy the requirements of biomedical applications. However, the last ones are limited in most cases by the nonsufficient biocontact properties of the polymer. Surface engineering creating nanosize layers with controlled chemical composition, topography and roughness, and hydrophilic/hydrophobic balance emerged as a simple, useful, and versatile approach to solve the problem.
From the mid-1900s to the end of the last century, biomaterials were petroleum-derived synthetic polymers designed to be inert in vivo, that is, to perform their function without interacting with the organism [1] . These biomaterials are characterized with exclusively low protein adsorption and weak interactions with blood, living tissues, and cells. Over the past decades, many new synthetic and biologically derived polymers have been studied and applied, altering this paradigm [2, 3] . Now material scientists have shifted toward the design of bioactive materials that integrate with biological molecules or cells and regenerate tissue [4] [5] [6] . Biomaterials for regenerative medicine and tissue engineering gain special interests. Tissue engineering is based on cell seeding on a substrate followed by culturing in bioreactor or directly in the human body. The substrate is often a polymeric biomaterial that should stimulate not only the cell attachment and differentiation but also the extra cellular matrix formation and tissue regeneration. Advanced biospecific and biomimetic materials consisting of bioinert environment enriched of ligands for adhesive receptors, usually short amino acid sequences, like Arg-Gly-Asp or carbohydrates and/or functional parts of hormones, enzymes or growth factors, are currently under intense investigation [7, 8] .
Limited knowledge about the interface phenomena on the border of the living and nonliving matter, such as protein adsorption and bioadhesion, are the theoretical base for the development of bioinert or bioactive surface engineered biomaterials. The mechanisms of protein adsorption and bioadhesion are a key question in many studies but despite the enormous efforts, they remain not fully understood.
The biological cascade of all nondesirable reactions against biomaterials begins with deposition of proteins. Protein adsorption is the primary event in the biofouling. Secreted by cells, adhesive proteins mediate their interaction with the biomaterial surface. Therefore, many investigations are devoted to studying the adsorption mechanism of single, well-defined proteins or of concurrent adsorption from double and multicomponent systems on different surfaces [9] [10] [11] [12] . Because of their versatile nature many proteins can 2 International Journal of Polymer Science be adsorbed via many mechanisms when they are in front of complementary surfaces [13] , which makes it difficult to control protein adsorption.
Knowing the mechanism of cell/surface interaction is very important for the design of biomaterial surfaces with improved biocontact properties. General theory of bioadhesion does not exist up to now despite the fundamental understanding of its molecular mechanisms can lead to the creation of material surfaces that can reduce or support the cell/biomaterial interface interaction [12, 14] . It is known that different cell types use different mechanisms when attaching to different surfaces and as a rule, cells do not interact with the surface directly but via proteins secreted by them and adsorbed on the surface adhesive, forming their own nonorganized layer [15] . According to a "classical scheme", adhesive factors, like fibronectin and vitronectin are present in the serum adsorbed on the substrate and the adhesion is in fact an interaction with them. This interaction is ligand-receptor because the cells have specialized receptors (integrins) through which they identify the adsorbed adhesive proteins-ligands [16, 17] . Guided by the substrate surface properties, conformational alterations of the adsorbed proteins possibly change their biological behavior [16] . In this context, the initial cellular interactions depend on the surface physicochemical properties such as the surface wettability, charges, heterogeneity, topography, roughness and presence of functional groups [15] . It is not clear why, but it is well-known that some materials with hydrophobic surface adsorb proteins in a way decreasing their native bioactivity [16] . Evidently, the adequate adhesive proteins adsorption is essential for the initial cell adhesion. In addition, it is known that the initial interface interaction between the cells and the contacting biomaterial mimics to some extent the natural adhesive interaction of cells and the extra cellular matrix. However, the cells not only interact with the adsorbed soluble matrix proteins, such as fibronectin and fibrinogen, they also tend to reorganize them in fibrils. This cellular activity depends significantly on different biomaterial surface parameters, such as hydrophilicity, chemical composition and charges [15] . Although the protein adsorption and cell/biomaterial surface interaction mechanisms are not fully understood, the surface physicochemical parameters known to influence these two phenomena could be summarized as follows [9, 12, 14, 15] : (i) surface free energy and related parameters, hydrophilic/hydrophobic balance, polarity, water contact angle and its hysteresis,
(ii) surface charge and related electrostatic interactions, (iii) type and mobility of the surface functional groups, (iv) micro and nanotopography features and surface roughness [14, 18] , (v) thickness, density and adhesion of the modifying layer,
(vi) crystallinity [19] .
The shape and size of the biomaterial particles also influence the cell recognition ability and interaction [20] . The effect of surface topography and chemistry on cellular response is of fundamental importance, especially where living systems encounter device surfaces in medical implants, tissue engineering and cell-based sensors. To understand these biological processes on the surfaces, there is a widespread interest in tailored surface-active materials produced by surface chemistry coupled with advanced patterning processes [21] .
Most biomolecules have immense recognition power (specific binding) and at the same time demonstrate a tendency to physically adsorb onto solid substrate without specific receptor recognition (nonspecific adsorption). Therefore, to create useful materials for many biotechnology applications, interfaces are required that have both enhanced specific binding and reduced nonspecific binding. Thus, in applications such as sensors, the tailoring of surface chemistry and the use of micro and nanofabrication techniques became an important direction for the production of surfaces with specific binding properties and minimal background interference. Both self-assembled monolayers and polymer brushes have attracted considerable attention as surface-active materials [22] .
Different surface engineering approaches to create biomaterials with improved biocontact properties are based on the relationship between the tissues, blood and other living matter contacting material surface properties and the interactions on the interface.
A variety of surface engineering methods is divided by Hoffman [21] into two main groups: physicochemical and biological. Examples of physicochemical methods are the acid etching/oxidation, ionizing irradiation treatments (various cold plasmas, ion or electron beams, and laser), photo-lithography, surface grafting of functional groups [23] , based on well-known wet chemistry reactions. Plasma treatment is usually accompanied by so-called "surface reconstruction" tending to turn the surface back in its initial state. Therefore the plasma treatment is usually followed by chemical grafting or/and immobilization of biomolecules [22, [24] [25] [26] [27] [28] [29] .
Matrix proteins such as collagen and fibronectin, peptides or short peptide sequences such as RGD and GRGD as well as different growth factors are immobilized on the biomaterial surface besides chemical functional groups grafting and topographic features creation, to design a support mimicking the natural extra cellular matrix-specific features or functions [30] [31] [32] [33] [34] [35] . This is the essence of the biological methods group including also simple physical preadsorption of proteins, peptides and/or growth factors, enzymes immobilization, and cell preseeding.
For a long time our research group has been developing polymer surfaces with controlled protein adsorption and initial cellular interactions potentially applicable in blood and/or tissue contacting devices, scaffolds for cell culture, and patterning of proteins. We present here examples of such biomaterials as well as their preparation approaches including some results from our investigations.
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Bioinert Biomaterials
The early stage of surface engineering is devoted mainly to bioinert material surfaces design, that is, such that do not cause any undesirable reactions, (foreign-body or inflammatory reaction, encapsulation, thrombi formation and blood coagulation) when in contact with living matter (tissue, cells, blood) inside or outside the human body. Such surfaces are still of interest for a variety of blood and/or tissue contacting devices, intraocular lenses, patterned supports for tissue engineering, micro fluidic devices, and biosensors. Most of them have been designed on the concept of creatinng low-adhesion and protein-repellent surfaces that have weak interactions with cells.
Long ago, Ykada et al. [36] theoretically predicted that there are two possibilities for the work of adhesion of polymer surface in aqueous media to approach to zero, that is, to be nonadhesive: one is to be super hydrophilic, that is water-like with water contact angle, θ approaching to 0 and the other is to be strong hydrophobic with surface tension, γ approaching to 0. This is the starting point in the development of strong hydrophilic or strong hydrophobic low-adhesion, protein-repellent biomaterials and biofouling release surfaces.
The creation of hydrophilic low-adhesive surfaces is relatively easy and the water-soluble (biocompatible) polymers immobilization on the surface is one of the possibilities. Such polymers could strongly adsorb water and the presence of high water content on the surface have been accepted as potential advance of the biomaterial regarding its similarity to the living matter and especially for providing minimal interface tension in contact with blood that can reduce the protein adsorption and cells adhesion [25, [37] [38] [39] . A variety of polymer surfaces: hydrophilic poly(ether urethane), sulphated polyethylene (PE), hydroxyethyl methacrylate and other hydrogel-coated surfaces [9, 40, 41] have been designed to reduce protein, cell and bacterial adsorption at interfaces with biological tissues. Among them, PEG-coated surfaces confers protein and cell resistance with considerable success [42, 43] . A comparative ESCA study of the protein adsorption on different strong hydrophilic surfaces: positively charged (N-vinyl-pyrrolidone, NVP), negatively charged (Acrylic Acid, AA) and neutral (polyethylene glycol, PEG) clearly demonstrate the advantages of the neutral, strongly hydrophilic surfaces [44] . As it is seen from Table 1 , the nitrogen content, originating from adsorbed BSA, is one order (and even more) lower on all PEG coated surfaces as compared to NVP-or AA-coated hydrophilic surfaces or to noncoated sulphated PE (PE-SO 3 H) and polyvinylchloride (PVC) surfaces. The results of ellipsometry measurements of the protein adsorption [45, 46] are similar. Therefore, attempts to PEG immobilized surfaces preparation have been made later by many researchers using different chemical and plasma chemical methods including hydrogel formation on the surface.
Photo-polymerized or photo-crosslinked coatings are one of the most popular. Such can be prepared by polymerization in situ of deposited on a substrate photo-reactive PEG resin. PEG acrylates or methacrylates are suitable for free radical polymerization, initiated by photo-initiators like benzophenones and thioxanthones [9, 45] . A pioneer work [43, 45] describes a brush-like surface coating using monofunctional PEG-acrylates and a two-step UV polymerization to concentrate PEG chains on different polymer surfaces. The principle sketch of the two-step procedure for the photocuring of a PEG-acrylate layer for enhancement of surface EO groups' density is presented in Figure 1 . The two-step procedure includes precuring at low UV dosage to obtain a gel-like low cross-linked PEG coating with high mobility and yet low water solubility. The following exposure in water leads to migration of polar EO groups to the water interface. Finally, the layer is subjected to a high UV dosage. The structural features of these PEG hydrogel coatings are presented in Figure 2 . The two-step procedure enhances the EO content at the interface of about twice. Strong hydrophilic (water contact angle <10 • ) protein repellent surfaces (protein adsorption below 0.05 mg/m 2 ) could be prepared in this way on different polymers: PE, polyvinyl chloride, polystyrene, natural rubber, and polydimethyl siloxane [47] [48] [49] [50] [51] [52] . R. Bischoff and G. Bischoff represent PEG hydrogel covering of polysiloxane tubing and tracheal prostheses preceded by plasma treatment [53] . Thin hydrogel formation by inferterbased photo-polymerization of dithiocarbamylated PEGs under UV irradiation or photo-polymerization has been reported by Lee et al. [54] , Known and Matsuda [55] and Hahn et al. [56] aimed at photo-litographic patterning. Sequential formation of covalently bonded hydrogel multilayers thorough surface initiated photo-polymerization by using polymerizable PEG monoacrylates is described by Kizilel et al. [57] . Ito et al. [58] performs photo-crosslinking immobilization of PEG on different surfaces and study subsequent interactions with proteins and cells, expecting that the hydrated nonionic surface would reduce the interaction with them. Photo-crosslinking immobilization is generally useful for the preparation of micropatterned surfaces because it uses a dry process. These researchers prepare photo-reactive PEG and carry out surface modification in the absence or in presence of a micropatterned mask. To assess nonspecific protein adsorption on the micro patterned surface, they adsorb horse radish peroxidase (HRP)-conjugated proteins and confirm a reduced protein adsorption by vanishingly small staining of HRP substrates on the immobilized regions. COS-7 cells have been cultured on the micropatterned surface. The cells do not adhere to the PEG-coated regions.
In conclusion, photo-reactive PEG immobilized on various surfaces tends to reduce interaction with proteins and cells.
Chemical immobilization or grafting is another approach to create bioinert polymeric surfaces using suitable chemically reactive monomers such as hexaethylmetacrylate (HEMA), acrylic acid (AA), and PEG, among which PEG is most widely used. If the substrate surface is chemically reactive, the chemical immobilization or grafting can be performed directly. Otherwise, surface preactivation is necessary prior to the chemical immobilization or grafting, employing some wet chemistry methods to oxidize the surface or to introduce surface amino-or other functional groups, or ionizing irradiation using plasma, laser, and ion-beam.
A number of methods for covalent attachment of PEG to different polymer surfaces are known, requiring the employment of functionalized PEG (with derivative terminal OH groups), able to interact with a functionalized substrate surface. In case of strong hydrophobic and/or chemically inert polymers, surface preactivation is necessary by ionizing irradiation (plasma treatment, ion beam, laser, and HUV) or wet chemistry prior to the grafting the functionalized PEG. Figure 3 shows schematically the coupling procedure of PEG-aldehyde by Schiff base reaction with surface -NH 2 groups as an example and Figure 2 shows the structural model of the PEG surface. This reaction is convenient for use in aqueous media where it could be driven to completion by addition of NaCNBH 3 , acting as a selective reducing agent for the imine product -CH=N-in presence of aldehyde. In order to increase the surface density of PEG chains, the immobilization reaction can be performed under solution conditions close to the cloud point when the repulsion between the PEG chains is small. To induce clouding at lower reaction temperatures, "salting out" with potassium sulfate can be performed. PEG-aldehyde and PEG-epoxide grafting at optimal reaction conditions leads to International Journal of Polymer Science 5 the formation of surfaces with very low protein adsorptionbelow 0.05 mg/m 2 (by ellipsometry) [45, 50, 59] .
Feng et al. [60] and Schlapak et al. [61] utilize PEG-amines for coupling with poly(N-hydroxysuccinimidil methacrylate) and Patel et al. [62] for coupling with silanized glass slides bearing aldehyde groups. Li et al. [63] graft living poly(ethylene oxide) to chloromethylated and crosslinked polystyrene and polypropylene substrates through the reaction of alkoxide with chloromethyl group.
Aldehyde groups bearing silanised surfaces could be grafted by NH 2 -terminated PEG and on the other hand OHcontaining surfaces can be immobilized with PEG-silanes. The second approach is used by Popat et al. [64] , Piehler et al. [65] and Xu et al. [66] to improve the biocompatibility of nanoporous materials, biosensors and poly(acrylonitrileco-maleic acid) asymmetric membranes, respectively. Groll et al. [67] prepare and characterize ultrathin coatings from isocyanate-terminated star PEG prepolymers. To interrupt platelet adhesion, Choi et al. [68] and Xu et al. [69] immobilize PEG derivatives on poly(acrylonitrile-co-maleic acid) and polyurethane respectively.
Ko et al. [70] , Sebra et al. [71] and Beyer et al. [72] immobilize PEG or its sulphonate onto preoxidized in ozone polymer surfaces. Acrylamide-coated surfaces have been created also by radical graft copolymerization on preoxidized in UV ozone plasma generator [73] .
Goda et al. [74] prepare biofouling poly(dimethyl siloxane) (PDMS) with excellent surface hydrophilicity and good oxygen permeability by surface initiated radical graft photo polymerization of 2-metacryloil-oxiethylphosphatydil cholin (MPC)-biomimetic synthetic phospholipid polymer, containing phosphatydilcholin groups.
Quasi-irreversible adsorption opens another way to PEG and other molecules of interest, immobilization on different surfaces. High-molecular-weight copolymers of PEG or other molecules can be adsorbed irreversibly, attaching at multiple adsorption sites. Although the free energy of adsorption for each side may be relatively small, the attachment of a molecule to several sides leads to a multiplication effect, so that the total free energy of adsorption of a polymer becomes quite large. For this reason, polymers tend to be adsorbed very strongly in many cases. One approach to achieving firmly attached PEG coatings at negatively charged surfaces is to physically adsorb a graft copolymer of PEG and polycation such as polyethylene imine (PEI), for example. Their structural features are shown in Figure 3 and they also demonstrate very low protein adsorption (below 0.05 mg/m 2 ) [75] .
Dextran has recently been investigated as an alternative to PEG for low protein-binding, cell-resistant coatings on biomaterial surfaces [76] . Although antifouling properties of surface-grafted dextran and PEG are quite similar, the multivalent properties of dextran are advantageous when high-density surface immobilization of biologically active molecules to low protein-binding surface coatings is desired. The preferred methods of dextran immobilization for biomaterial applications should be simple with minimal toxicity. In this report, a method is described for covalent immobilization of dextran to material surfaces, which involves low residual toxicity reagents in mild aqueous conditions. With dextran-based surface coatings, it will be possible to develop well-defined surface modifications for better performance of long-term biomaterial implants.
Thanawala and Chaudhury [77] use acrylamid perfluoroether to create high hydrophobicity and antiadhesive properties of polymeric biomaterials.
The existing surface engineering strategies often require the presence of specific surface functional groups and extensive optimization, and they have limited capacity to be used for modification of variety materials. Thus, there is an ongoing need for versatile immobilization strategies that are capable of robustly anchoring not only PEG but also other antifouling polymers onto variety of medically relevant material surfaces or to create other types bioinert surfaces. Ober et al. [78] [79] [80] [81] [82] investigate different possibilities for creating low-energy low-adhesive nonbiofouling surfaces using mainly fluorine containing co-polymers.
Various irradiation methods, and especially both cold plasma treatment and coating are widely used for preactivation of different polymer surfaces with a creation of desired for following chemical coupling surface functionality as well as for creation of thin layers with altered hydrophilic/hydrophobic balance, chemical composition or topography and structuring. Using plasma of different gases and optimizing the operation conditions it is possible to input different functional groups on the surface or to create thin surface coating with varied properties. Figure 4 shows a simple sketch of the chemical composition of different radio frequency (RF) plasma discharge deposited films, based on the results from X-ray photoelectron spectroscopy (XPS).
Comparative study of such plasma deposited films [83] [84] [85] indicate that both, strong hydrophobic silicon and strong hydrophilic PEG surfaces is characterized by very low protein adsorption, weak complement system activation and low cell and platelet adhesion that is in a compliance with the prediction of Ykada et al. [36] .
Sioshansi et al. [86, 87] find that the argon ion implantation of the polymer surface reduces significantly the friction and biofouling of the catheters. The thrombogenicity and endothelial cells adhesion onto artificial vascular grafts could be also controlled by argon ion implantation [88] .
Husein et al. [89, 90] establish that the ion implantation on polysiloxane surface from plasma source leads to an increase of the surface silanol groups similar to that when the same polymer is plasma or argon ion beam treated. Uncustomary differences in the cell sensitivity to similar on chemical composition polysiloxane surfaces, obtained by different irradiation methods are observed by some researchers [91] attributed to differences in the surface energy, especial electron structure and the corresponding electrical properties of the surface layer.
Bhushan et al. [92] prepare (by gas-phase deposition) ultra thin fluorosilane films to control the biomaterial surface hydrophobicity and to reduce or prevent the protein adsorption and cell interactions, the last ones of critical importance for the work of some biomedical nanodevices.
Surface topography is accepted now as a parameter influencing the wettability and hence the protein adsorption Figure 3 : Grafting of PEG by the Schiff base reaction between PEG-CHO and surface-NH2 on polymer surfaces aminated in various ways, for example by treatment in di-amino-cyclohexane (DACH) plasma or by deposition of polyethyleneimine (PEI) on preoxidated polymer surface [50] .
and biocontact properties of the biomaterials. Sear et al. [93] study surface texturing and collagen coating of biomaterials in respect to fibrosis inhibition and demonstrate that the biomaterial surface texturing is as important as the matrix proteins in the reduction of fibrosis and inflammatory reactions. Some types of surface texture almost eliminate the fibrous capsules formation whereas other inhibits their collaps [94] .
Surface Engineered Biomaterials for Blood-Contacting Devices
The surface design of biomaterials for blood-contacting devices is of special interest and different approaches to creation of such with improved thrombo-resistance are described in a number of reviews [95, 96] . Different concepts are employed in the creation of biomaterials with improved blood contacting properties: physicochemical (zero critical surface tension or interfacial-free energy), micro heterogeneous surfaces (polymers with micro phase separated structure and segmented polyurethanes), simulation of blood vessel properties (surfaces with hydrophilic nature and high mobility, negatively charged surfaces), utilization of biologically active molecules (sustained release of heparin; heparinized surfaces), and biomembrane-like surfaces composed of polymer and phospholipids. However, the regulation of blood-biomaterial surface interaction is difficult and the many researches based on the abovementioned concepts have partial success. It is experimentally established that an increase in the surface hydrophilicity decreases the cell adhesion. However, low cell adhesion does not certainly mean prevention of the biological activation. Some researchers [9, 97, 98] have established low platelet adhesion to strong polar surfaces and high thrombin activation and coagulation.
Most cells have negatively charged surfaces and therefore their electrostatic attraction or repulsion is of importance [9, [99] [100] [101] . Cell proliferation is also influenced by the biomaterial surface charge and hydrophilic/hydrophobic balance [102] .
Biomaterials with micro-domain surfaces on which adsorbed proteins are able to self-organize accordingly the surface micro heterogeneity are another group bioinert biomaterials. It is demonstrated that the low-trombogeneity of block co-polymers of the type ABA with hydrophilic/ hydrophobic micro-domain structure is due to a significant oppress of adhering platelets activation [103] [104] [105] [106] . Typical representative of this group are the segmented poly(ether urethanes) [107] .
Low platelet adhesion has been found on acrylamid or other hydrogel coatings as well as on collagen coatings 7 onto corona preactivated polymer surfaces, reducing fibrosis around the biomaterial implants as proved at experiments with animals in vivo [108] [109] [110] [111] .
Mirzadeh et al. [112] [113] [114] [115] [116] [117] [118] create super-hydrophobic polymer surfaces by laser treatment and turn them into hydrophilic ones grafting hexamethylacrylate (HEMA) after their preactivation by CO 2 -pulse laser treatment. The data from in vitro investigations demonstrate significantly reduced platelet adhesion and aggregation on the two type modified surfaces but the best regarding the blood compatibility appears to be the super-hydrophobic one.
Regarding blood compatible materials, heparinized surfaces seem to be one of the most promising approaches and a number of ways to surface immobilization of heparin have been described [9, 119] . Heparin, which together with other sulphated gluco-amino-clucans naturally exists on the intra vascular endothelial cells, is a potent anticoagulant. Although graphitic carbon has been known and used as a biomaterial for a long time, the excellent biocompatibility of diamond-like carbon (DLC) films has been addressed only in a few cases. Steffen et al. [120] anticipate the combination of bioinert DLC films and surface immobilized bioactive biomolecules with antithrombogenic properties, such as the polysaccharide heparin, as a straightforward concept to optimize haemocompatibility of a wide variety of materials (vascular grafts, etc.), this strategy has been applied at polytetrafluorethylene (PTFE), poly(dimethyl siloxane) (PDMS), and polystyrene (PS). The DLC films were deposited on polymer surface by an energetic acetylene plasma beam and subsequently exposed to ammonia plasma before heparin was covalently coupled to such functionalized surfaces by an end-point attachment method. Ion-beam radiation of siloxane rubber at relatively high energy (50-150 keV) alters its surface chemical composition and wettability, leading to lower thrombus formation on the ion implanted haemodialysis catheters, proved in vivo experiments with animals [121] [122] [123] [124] . Many basic concepts for development of blood compatible surface engineered polymeric biomaterials are described in the literature but the perfect nonthrombogenic material has never been obtained. The future trend is toward a combination of these concepts and hybridization of artificial materials and biological molecules.
Bioactive Biomaterials
Bioactivity is a necessary attribute of the current biomaterials for in growing implants, some biosensors, tissue engineering and regenerative medicine. The bioactive biomaterials establish specific interactions in contact with living matter (tissue, blood, cells) and mimic some human functions. They are actively interacting and integrating with their biological environment [125] .
The principal goal of the regenerative medicine is to promote tissue regeneration and healing after injury or disease, that can be achieved through a delivery of cells and/or factors in tissue engineered scaffolds designed to provide a biomimetic microenvironment conductive to cell adhesion, proliferation, differentiation, and host tissue integration [126, 127] .
Currently, most scaffolds provide a three-dimensional environment in which tissue can grow and develop, so that to be able to reproduce the functions of the tissue that it is intended to replace [128, 129] . Now scaffolds are being developed that either mimic the extra cellular matrix or the complete hierarchical structure of the tissue [130] . [131] .
Evidently, the cell/biomaterial interaction is of key importance for all bioactive biomaterials and the knowledge about its mechanism can guide the surface engineering in the development of biomaterials with an optimal bioactivity.
Cell/Biomaterial Surface Interaction
The cell/biomaterial interaction is a complicated phenomenon and despite the enormous efforts of many researchers, its mechanism remains not fully understood [12, 15] . It is well-known, that different cell types use different attachment mechanisms to different surfaces but any way the cell attachment is mediated by deposition of adhesive proteins secreted by themselves. The initial interface interaction when cells contact biomaterial surface resemble to some extent the natural adhesive interaction of the cells with their extra cellular matrix. In addition, the cells not only interact with the adsorbed soluble matrix proteins, such as fibronectin and fibrinogen, they also tend to reorganize them in fibrils. This cellular activity depends strongly on the physicochemical properties of the biomaterial surface, such as hydrophylicity [9, 15] , steric hindrance, the existence of a "conditioning layer", surface chemical composition and charge, surface topography and roughness [132] . Many chemical functional groups, such as hydroxyl, carbonyl, carboxyl, and amine, are important for the fate modulation of the attached cells [133] . For example, the macrophages ability to form giant multinuclear cells (granular reaction) on some hydrogel surfaces correlates with the presence of some functional groups. The macrophages joining probability decreases in the following row [134] :
Similar interaction hierarchy is observed at cell incubation onto functionalized surfaces at which the cell attachment and growth decrease in the following row [135] -
Studying a number of model surfaces Altancov [15] concludes that the hydrophilic surfaces support the cell adhesion and proliferation, cell growth and the organization of the focal adhesion complex delivering the signal via integrin receptors. An optimum interaction with cells usually appears at moderate hydrophilicity (water contact angle of ∼50
• -65
• ). The synthesis and organization of fibronectin matrix by cells is better on surfaces bonding weakly fibronectin and other matrix proteins. The conformation of the adsorbed adhesive proteins plays also an important role in the adhesive interaction on strong hydrophilic noncharged surfaces [15, 75] . The shape and size of biomaterial surface structure can to control the cell proliferation and orientation [136] .
Surface Engineered Biomaterials via Physicochemical Modification
In general, surface properties of implantable biomaterials dictate protein adsorption and behaviors with concomitantly determining of the cellular interactions. In most cases, specific cellular interactions are required for the formation of a desired tissue. A way to promote implant, scaffold and engineered tissue integration is to design the surface chemical composition and topography of the biomaterials to specifically enhance tissue integration [137] [138] [139] [140] [141] [142] . The scaffold surface can be functionalized either by physical adsorption or chemical modification [143] . The surface chemical modification employs different organic chemistry reactions, ionizing radiation treatments (plasmas, ion-beams, and laser) and coatings, immobilization of biomolecules or the combinations of different approaches to control the surface characteristics of the biomaterial. As mentioned above, despite that the reason is not fully understood, the moderate hydrophilic surfaces are preferred by the cells. Therefore, simple hydrophilization of hydrophobic surfaces is one the main approaches to improve their interaction with cells. The adsorbed adhesive proteins conformation, together with the possibility for easy detachment from the hydrophilic substrates [16] seems to be other important factors, because the cells "try" to organise their own matrix on the biomaterial surface [144] [145] [146] . The most physicochemical treatments lead in fact to some surface hydrophilization. PS treated with sulphuric acid or in glow discharge plasma, characterises with increased number of charged groups on the surface that improves the attachment and growth of many types of cells [147] . The naturally nonadhesive polymer poly(2-hydroxyethyl metacrylate) (PHEMA) demonstrates improved adhesion and proliferation of endothelial cells after sulphuric acid treatment [148] . RF cold plasma treated poly(ethylene terephthalate) (PET) surface demonstrate an improved attachment and spreading of fibroblasts and mioblasts [149] . PEG-coated surfaces are usually prepared to be protein repellent, antifouling and bioinert. But surprisingly, PEG coatings prepared by quasiirreversible adsorption of a graft copolymer of poly(ethylene imine) (PEI) and PEG (PEI-PEG) demonstrate an unusually good cellular interaction: cell spreading, proliferation, adhesion, "early" and "late" matrix formation [75, 144] . The PEG coatings prepared in this way are strong hydrophilic (equilibrium water contact angle <10
• ) and characterize with very low adsorption of HSA, IgG, Fng, Fn, C3 and Cq1 (<0.05 mg/m 2 by ellipsometry) as shown in Table 2 . In general, for such surfaces good biocompatibility is expected, in the sense of bioinertness but low cellular interactions. The observed unexpected good interaction with fibroblasts despite the strong hydrophilicity and very low protein adsorption is thought to be due to a specific PEG layer structuring providing an optimal conformational freedom for the protein reorganization [144] .
Cold plasma obtained in low-pressure glow discharge has been often used to activate polymer surface, including siloxane membranes [25, 27, 29, 150] for further grafting of suitable monomers like acrylic acid (AA), hydroxyethylmetacrylate (HEMA), and so forth. aimed at improvement of its interaction with living cells. On the other hand, ion-beam without following grafting [151, 152] is known as other possible way to improve biocontact properties of polysiloxanes [153, 154] . Plasma based Ar + beam performed in RF (13, 56 MHz) low-pressure with a serial capacitance can be employed for surface modification of PDMS to combine some advantages of both: ion-beam and plasma treatment, namely the durability of the modifying effect of the ion-beam with the simplicity of the plasma as compared to ion-beam equipment [155] . The presence of a serial capacitance ensures arise of an ion-flow inside the plasma volume directed toward the treated sample and the discharge power vary ensures varied ion-flow density. A partially mineralized surface layer, similar to that obtained after a conventional ion-beam is the result of plasma based Ar + beam treatment of PDMS surface as proven by XPS analysis and contact angle measurements [156, 157] . Plasma based Ar + beam treatment transforms the initially strong hydrophobic PDMS surface into a durably hydrophilic one, mainly due to raising of the polar component of the surface tension, this effect being most probably due to an enrichment of the modified surface layer with permanent dipoles of a [SiOx]-based network and elimination of the original methyl groups [156] . Such modification is accompanied also with altering of the surface topography and roughness [157] and leads to significant improvement of the initial cell adhesion not only in presence but also in absence of precoated fibronectin [156, 157] .
Bearing radicals and hence activating PDMS surface, Ar + beam treatment opens a way to further grafting of suitable monomers. The acrylic acid (AA) grafted, in this way preactivated PDMS surface, is moderate hydrophilic (water contact angle of [62] [63] [64] [65] [66] [67] [68] [69] [70] [71] [72] [73] • , depending on the AA grafting density). The initial adhesion of human fibroblasts to AA grafted surfaces is significantly higher as compared to that on nonmodified PDMS surface but only in presence of precoated fibronectin [156, 157] .
Oliveira et al. [158] have developed a new methodology to obtain bioactive coatings on bioinert and biodegradable polymers that are not intrinsically bioactive. Three types of materials have been used as a substrate: high molecular weight PE and two starch-based blends: starch/ethylene vinyl alcohol and starch/cellulose acetate. Blowing agent has been used to prepare 3D porous architectures. Three type baths have been developed in order to produce the newly proposed auto-catalytic Ca-P coatings. If the scaffold is bioactive gel-glass or an inorganic/organic nanocomposite, surface OH group will be present because of Si-OH (silanol) bonds, and many polymers also have high surface OH content (e.g., COOH-) that can be functionalized with APTS. Materials with OH groups will therefore attract proteins when implanted in vivo [159] .
Surface Engineered Biomaterials via Biomolecules Immobilization
Surface modification of implant devices by immobilization of biological molecules is discussed in a number of reviews, for example [160] . In natural environment, cells grow onto substrate consisting different proteins and polysaccharidesextra cellular matrix (ECM). The last one not only provides mechanical support for the cells but also interacts directly with them and influences their growth, migration, morphology and differentiation. Surface modification of synthetic polymers that have suitable mechanical parameters and processability with biofunctional species providing similar to the natural ECM interaction allows combining advances of the synthetic and natural materials and resembling the interactions with specific ECM ligands [161] . To provide a support more closely resembling the natural ECM, in addition to the chemical functional groups, matrix proteins like collagen, fibronectin, and so forth could be immobilized on the synthetic polymeric material surfaces [162, 163] . This is the nature of biomimetic approach, that is, of the group of the biological methods aiming at resembling of some specific structural or functions features of the natural extra cellular micro environment [164] . This group of methods includes simple protein preadsorption, enzymes immobilization, and cell preseeding. However, it is not yet clear which proteins and how they affect the cell response. Interactions between peptides and scaffolds can result in completely different surface chemistry, topography, surface energy and charge. They can also lead to conformational changes in the peptide structure, which is usually undesirable. Proteins are usually adsorbed or bonded onto material surfaces in solution by immersing the material in phosphate buffer saline (PBS) containing proteins [165] . Various strategies have been attempted to immobilize biomolecules or small biological motives onto the surfaces of synthetic biomaterials devoid of active functional groups [166] . Physical adsorption is one of the methods for preparation of surfaces with well-defined properties that do not rely on chemical processing. It utilizes weak nonspecific intermolecular interactions between the surface and peptide species involved such as hydrogen bonding, hydrophobic interactions, Van der Waals forces, and weak valence electron interactions. To obtain biomimetic materials, surfaces can be simply coated with biomimetic peptides or another material possessing active functional groups, for example, poly-Llysine (PLL) that can be subsequently used to chemically react with oligopeptides. Materials can also be coated with hybrid molecules such as PLL-RGD polymer-peptide molecules, which can be physically adsorbed to material surfaces. While physical adsorption is an effective way to immobilize biomimetic peptides to the surface of materials, coating only provide a transient modification of the material surface. The inability to control the peptide conformation and orientation upon the adsorbing substrate, peptide desorption or wash-off, diffusion kinetics, and inaccessibility to large molecules on the material surfaces are deficiencies of this method. Substances including PLL, collagen and cell adhesive proteins such as fibronectin, laminin or vitronectin have been adsorbed onto the surface of polymeric matrix to promote cell attachment [167, 168] .
In order to fabricate biomimetic materials that can withstand long-term survival, a stable immobilization of such biomolecular motives to the substrate surface is critical to maintain the bioactivity and ultimately proper functioning. Substrate-immobilized biomimetic oligopeptides should be able to withstand the contractile forces extended by adhered cells upon the biomaterial surface during initial cellular attachment and resist the internalization by cells [166] . Covalent binding of functional biomolecules is necessary to provide a more stable cell adhesive stratum that can be achieved by direct or indirect chemical immobilization of collagen, gelatin, heparin, hyaluronic acid, short peptide sequences, originating from cell adhesive proteins such as the arginine-glycine-aspartic acid (RGD) or YIGSR, and sugar moieties such as galactose or lactose, have been grafted onto polymer surfaces to modulate cell-matrix interactions [169, 170] .
Direct immobilization via chemical methods; however, can be accomplished when surface reactive groups are presented, which is not always the case with certain materials. Plasma-treated surfaces have been used to introduce active functional groups to biomaterial surfaces for direct covalent immobilization of biomolecules. Plasma treatments under a wide range of reacting gas types (ammonia, nitrogen, hydrogen, oxygen, and ozone) have been employed to be introduced various functional groups (e.g., carboxyl, International Journal of Polymer Science hydroxyl, carbonyl, ether, peroxide, and amine) of material surface. Karkhaneh et al. [171] modify the chemically inert PDMS simultaneously with acrylic acid (AA) and 2-hydroxyethyl methacrylate (HEMA) employing so-called "two-step plasma treatment", followed by collagen immobilization and study the cellular response to the modified surfaces. Such surface design significantly increases the number of the adhered and proliferated cells.
In plasma-induced graft polymerization, material surface is bombarded with energetic gaseous species (ions, electrons, free radicals, and low-energy photons) whose energy is transferred and dissipated thorough the solid by a variety of chemical and physical processes. The result is surface functionalization with amine, peroxide, carboxyl, and so forth. groups that can be utilized in a further chemical immobilization of biomolecules via graft polymerization [172] [173] [174] . Graft polymerization can result in producing specific surface properties for use in various applications to improve cell adhesion and spreading, to enhance the surface wettability and improve material biocompatibility. Graft polymerization can also be used to treat defined surface areas by using photo-masks or resists [175] .
Plasma polymerization can be used to produce surfaces that are either nonadherent or keratinocyte adherent for tissue engineering of skin [176] . This technique is used to produce a background surface coated with octadiene, which is nonadhesive for the majority of cells. Onto this is placed a template of the letters "TONY" coated with acrylic acid. The placed on this surface cells adhere to the acrylic acid-coated surface but failed to adhere to the octadiene-coated surface. Thus, biomaterials can assist the transport and delivery of keratinocytes to a wound bed [177] .
The covalent attachment of biologically recognizing molecules to the surface of some biomaterials is hampered by the lack of surface chemical reactivity. To overcome this problem, researchers utilize many different approaches to create functional groups on the surface of biomaterials to support covalent bonding of biological recognition motives, that is, they preactivate biomaterial surface employing different organic chemistry methods or ionizing radiation treatment (cold plasmas of different gases, ion-, laser beams, etc.). For example, Li et al. [178] immobilize RGD peptide fragments on the PDMS surfaces for cell culture indirectly. The immobilization procedure includes preliminary photochemical grafting of NHS-groups on the PDMS surface, followed by RGD bonding to the NHS groups via coupling reaction in presence of bi-functional photocross-linker. As compared to other methods for peptides bonding to PDMS, this one is relatively easy, effective and free of organic fouling of the PDMS surface. This approach could be employed for coupling other peptides or proteins to most polymeric materials. Such surfaceengineered materials are stable during autoclaving and UV treatment, which make them suitable for repeat use at cell culture.
A liquid phase modification of PDMS micro fluidic channels includes an acid H 2 O 2 solution oxidation and following silanation reaction, using pure silane reagents. Two different functional groups, PEG-and amino-have been included in this way on the PDMS surface for the protein adsorption passivation and biomolecules coupling, irrespectively. Biomolecules immobilized biomaterials could be used for cell seeding and incubation [179] .
Carbodiimide chemistry is high effective and widely used method to covalently immobilized biomimetic peptides onto various carboxylated biomaterial surfaces via stable amide bonds [180] [181] [182] [183] . Carbodiimides are widely used for carboxyl group activation via formation of mediating high reactive O-acylisocarbamide compounds. These active species interact with amine nucleophyls forming stable amide bonds [184] . Unfortunately, this method is not high enough selective. The biomimetic peptides often contain reactive functional groups presenting within the constituent amino acid side chain (e.g., carboxyl and guanidine groups) that leads to unwanted side reactions. N-hydroxysuccinimide (NHS) is often used to assist the carbodiimide coupling by forming an active ester intermediate via condensation of surface carboxylic acid groups and NHS. The ester derivative is less prone to hydrolyses, it can be prepared in advance and stored and used as an activated species in situ (e.g., in the presence of the amine nucleophile) without the risks of the unwonted reactions. The NHS-reactive ester intermediate is susceptible to nucleophilic attack by primary amines and results in the formation of stable amide bonds between the biomaterial surface and the N-terminus of the biomimetic peptide.
The immobilization of biomolecules to hydroxyl groups presenting on various biomaterial surfaces can be easily and directly accomplished with the use of highly reactive sulphonyle chlorides. Hydroxyl-containing surfaces can also be preactivated with tresyl chloride [185] [186] [187] to yield sulfonated surfaces that can readily undergo nucleophylic attack by primary ammines, thiols and imidasole groups [188] [189] [190] . Aminated surfaces can be effectively immobilized with bioactive peptides by reacting the solid surface with homobifunctional linkers, such as glutaraldehyde, disuccinimidil glutarate, or phenylene diisothiocyanate [191] [192] [193] via the N-terminus of the peptide. Carboxyl-terminus immobilization can also occur via carbodiimide-mediated immobilization of aminated surfaces. PE covered with cellular matrix proteins and cell-membrane antigens characterises with improved human endothelial cells adhesion and proliferation [194] . Surface functionalized micelles and shell cross-linked nanoparticles are research objective of Wooley group [195] [196] [197] [198] .
Collagen is a major structural component forming the natural ECM of connective tissue and organs [199] . Surface immobilization of collagen is one of the most established methods for endowing cell adhesive properties to the scaffolds. Poly(lactic acid) (PLA) and PLGA scaffolds chemically grafted with collagen after plasma treatment [200] and PLA scaffolds collagen immobilized by conjugation reaction via grafted poly(methacrylic acid) [201] show enhanced cell adhesion, spreading and growth. Collagen can be deposited on some surfaces from aqueous solution, for example, by using dip-pen nanolithography, to form nanoscale patterns with some control on the assembly for bone tissue growth [202, 203] .
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The direct covalent bonding of biomolecules to chemically inert polymer surfaces such as PE, PTFE, PDMS, is difficult and surface preactivation, followed by a multistep bonding procedure is necessary. For example, preactivation of PTFE by plasma treatment opens a way to a multistep procedure for peptide immobilization on its surface [204] . Plasma based Ar + beam treatment of PDMS also opens a way to its biofunctionalization by a multistep procedure including acrylic acid (AA) grafting and flexible PEG-spacer coupling prior to a collagen immobilization by peptide synthesis reaction. AA grafted PDMS surfaces are reacted with PEG bearing two terminal NH 2 -groups. A known peptide synthesis reaction is used for the immobilization of collagen, type I on the AA grafted and PEG spacer coupled samples. Surface chemical composition, wettability, topography and roughness are controlled on every stage of the multistep procedure by XPS analysis, contact angle measurements and atom force microscopy (AFM) observations. Collagen immobilization via flexible spacer improves significantly the cellular interaction on the scarcely adhesive PDMS surface, this effect depending on the length of the PEG chain. This multistep procedure to biofunctionalization of strong hydrophobic chemically inert polymers has a potential to be used whenever need arises to control cellular interaction with the surface, for example cell culture, tissue engineering, biointegrating biomaterials.
Collagen's immunogenicity, due to its various biological functions, limits some applications. Gelatin is a good alternative for collagen because of absence of antigenity and easy of handling at high concentrations. Gelatin immobilized porous scaffolds (by physical entrapment and chemical cross-linking of the gelatin) show significantly enhanced surface properties for attachment, proliferation and osteoblasts ECM deposition [205] .
Controlled deposition of ultra thin layers of silk and collagen by exploiting self-assembly can be performed using modified layer-by-layer techniques. Collagen has been deposited in ultra thin film format from aqueous solution based on hydrophobic interactions [206] . In addition, spray coated and deposited collagen films with entrapped drugs or cell growth factors have been reported [207] . An all-aqueous, stepwise deposition process, where control of silk structure locks in the formation of physical cross-links (β-sheets) determining the coating stability is the approach of Chen et al. [208] for silk layer deposition. Layer-by-layer techniques are widely used to form polymer-layered surfaces/structures of biologically functionalized coatings. Usually, the primary driving force in more traditional layer-by-layer assembly is the electrostatic interactions between oppositely charged polyelectrolytes that form interpenetrated layers when the substrate is immersed in an alternating fashion in two solutions. For collagen and silk, the driving force is primarily hydrophobic. The nanoscale silk-layered biomaterials are stable under physiological conditions and support human bone marrow stem cell adhesion, growth, and differentiation, and the incorporation of small or large molecules [209] . Since the ultrathin layers are stabilized by β-sheet physical cross-links, no post processing chemical cross-linking is required to stabilize the materials and the thin films.
Silk proteins coating onto different biomaterial substrates for cell culture and tissue engineering applications have been reported, including poly(D,L-lactic acid) films, twoand three-dimensional polyurethane scaffolds, and twodimensional poly(carbonate-urethane). Methanol treatment of the silk coatings induces the structural transition to the β-sheet and stabilizes the coatings [210] [211] [212] [213] . Silk fiber composites have been optimized for surface chemistry and architecture, seeded with human adult bone marrow derived mesenhymal stem cells or fibroblasts, and cultivated in vitro under static or complex mechanical forces in specialized bioreactors to simulate a knee-like environment [214, 215] .
Hyaluronic acid (HA) is nonsulfated glycosoamineglycan that is a major substance of the gel-like component in the extra-cellular matrix of connective tissues. HA is capable of specific cell interaction via the CD44 receptor, which promotes wound healing and induces chondrogenesis. Therefore, HA has been chemically and physically incorporated into various tissue engineering scaffold matrices. HA modified chitosan-gelatin composite scaffolds increase the adhesion of fibroblasts [216] and HA modified PLGA scaffolds support the growth of chondrocytes with maintenance of its original phenotype, showing great potential for cartilage tissue engineering [217] .
The sugar galactose has been utilized in scaffolds for liver tissue engineering. Porous scaffolds immobilized with galactose demonstrate improved hepatocyte attachment, viability and metabolic functions such as release of lactate dehydrogenase (LDH), albumin secretion and urea synthesis. Perfusion culture of hepatocytes with galactose-derivatized PLGA scaffolds further improves viability and functional activity of the cells [218, 219] .
Immobilization of short chain peptide derivatives from the cell adhesive proteins onto the polymer surface can be a much more effective strategy rather than immobilization of whole protein. The surface immobilization of short peptides has several advantages: higher stability against conformational change, easy controllability of surface density and orientation, more favorable for ligand-receptor interaction and cell adhesion [220] [221] [222] . A blend mixture of PLGA and amine-end-functionalized PLGA has been used to fabricate scaffolds allowing surface immobilization of the peptide. Porous PGLA scaffolds exposing functional end groups toward the aqueous medium have been prepared by a gas foaming/salt leaching method, followed by immobilization of GRGDY onto the surface oriented functional groups via a bi-functional cross-linking agent. It has been demonstrated that seeding and cultivation of bone marrow steam cells within GRGDY modified scaffolds lead to enhanced cell adhesion and differentiation into osteoblast-like cells. The same immobilization method has been applied in electrospinning process to fabricate RGD modified PLGA nanofibers [223] .
Peptides can also be attached to the surface of silica-based scaffolds by adsorption (hydrogen bonding) or by covalent bonding to create functionalized nanoporous surfaces. Protein attachment is assisted by the large concentration of OH groups (Si-OH) on the surface of sol-gel derived inorganic materials. Certain proteins may not be attached to simple International Journal of Polymer Science OH-groups; however the OH-group-covered glass surface can be functionalized with other organic groups that are tailored for specific protein attachment, such as amines (via aminepropylthriethoxy silane, APTS) [224, 225] .
Many peptide sequences involved in cellular interactions by receptor binding have been identified, including RGD, IKVAV and YIGSR [226] . Among these, the RGD sequence, which was first discovered in fibronectin, is probably one of the best known for use in tissue engineering applications. Immobilization of RGD onto 3D matrices improves their cell adhesive properties. RGD, along with other short peptide sequences such as IKVAV, YIGSR, RNAIAEIIKDI from laminin and HAV from N-cadherin, have been enzymatically incorporated into fibrin matrices to enhance neuritis extension [227, 228] .
Smaller biologically active molecules, for example peptides, containing recognizable by cell receptors amino-acid sequences, can be also employed in the design of surfaces with improved cell attachment [229] . Arg-Gly-Asp (RGD) sequence, that is a peptide fragment presented in many cell adhesive proteins and bonding to the integrin receptors of different type cells, is the most intensively studied [230] . Similar peptide fragments have been immobilized onto the PTFE [231] , poly(acrylamide) [232] , poly(urethanes) [233, 234] , poly(carbonate urethane), PEG [235] , and other substrates. RGD-sequences adding induce cell adhesion and assists cell spreading and focal adhesion contacts formation on the otherwise nonadhesive polymers [236] [237] [238] . RGD coupling and plasma treatment have a significant influence on the mechanical strength of the yarns as well as cell responses in terms of adherence, proliferation, and differentiation [239] . To improve the endothelial cells adhesion and growth onto the surface of PEG modified poly(urethane), Lin et al. [240] graft the cell adhesive peptide Gly-Arg-Gly-Asp (GRGD) photo chemically. The improvement of cell growth appears to be depending on the density of GRGD grafting.
Be Bartolo et al. [241] modify the surface of poly(etherimid sulphone) membrane to mimic the outside cell environment, that is able to cause specific interactions with hepatocytes and hence the cell adhesion and organisation. They perform plasma deposition of acrylic acid followed by covalent immobilisation of RGD peptide via hydrophilic flexible spacer (linear diamino-PEG). The last one bonds covalently with one of its amino-groups to carboxyl group on the surface and with the other aminogroup forms peptide bond with carboxyl group of the RGD peptide.
Human tissues such as connective, bone, and cardiac are working under mechanical loading and stress in vivo. Lateef et al. have aimed at an increase of the different cell types adhesion to poly(siloxane) surface at in vitro dynamic bending. Therefore they have developed surface modification method, based on a polysiloxane membrane water plasma treatment for 3-aminopropyl-three-ethoxy silane bonding and the aminosilane to be utilized for covalent GRGDSPpeptide sequence immobilization to the amino-groups by maleinimid cross-linker. Cardiac myoblasts demonstrate improved adhesion to such peptide-coupled membranes [242] . RGD immobilized plasma pretreated PLA scaffolds have demonstrated not only improved adhesion of osteoblast cells but also supported growth and differentiation and enhanced mineralization and formation of bone-like tissues [243, 244] .
The natural environment for most cells is tissue extra cellular matrix, which is generally a type of hydrogel. Hydrogels are therefore potential materials for tissue engineering. The surface of hydrogels can be modified to tailor them to specific cell types. For example, the attachment of two extra cellular matrix protein sequences (Arg-Cly-Asp and Pro-His-Ser-Arg-Asn) to PEG hydrogel has been shown to increase osteoblasts cell function and also to decrease extracellular matrix production [245] . The immobilization of other biological molecules, like poly-and oligosaccharides or glycolipids also influences not only the cell attachment but also their function [246] .
Chemo-selective legation is a more recent approach to chemical modification of biomaterial surfaces that involves a selective covalent coupling of unique and mutually reactive functional groups under mild conditions. Selected pears of groups are used to couple biomimetic peptides and other bioactive molecules to material surfaces via stable bonds without the needs of activating agent or interfering with other functional groups [247] . These reactions are highly chemoselective and behave like molecular "Velcro" [248] . The high efficiency and selectivity of the amino-oxyaldehyde coupling reaction has been successfully demonstrated by attaching a variety of substances to proteins and immobilizing amino-oxy terminated RGD cyclopeptides to substrate surfaces [249, 250] . The oxime ligatation is compatible with most standard amino acid residues and the oxime bond is known to be reasonably stable both in vitro and in vivo.
Another approach to generate biomimetically-enhanced environment is to recreate the topographical context of native ECM through engineered three-dimensional nanofibrous matrices. The well-established, polymer-based processing method of electro-spinning and thermally induced phase separation, and protein self-assembly are all used to generate nanofibrous metrices [251] [252] [253] . Surface functional groups can be introduced in this case also by chemical treatments, such as alkaline hydrolysis, aminolysis, and oxidation/reduction reactions, silanation, chlorination, acylation, and quaternisation reactions.
Mata et al. [254] prepare micro textured PDMS surfaces to study the behavior of human bone connective tissue progenitor cells. Nanostructured poly(hydroxy-methyl siloxane) surfaces have been prepared by plasma treatment or lowenergy ion beam to study the adhesion and proliferation of both, peritrocites and endothelial cells. It is supposed that the biomaterial surface properties can mediate and modulate the cell/surface adhesion via stereo-specific chemical interactions and/or electrostatic repulsion that can explain the different behavior of the peritrocites and the epithelial cells [255] .
Polymeric scaffolds could be designed to function more actively in tissue remodeling and regeneration by growth factors incorporation. Heparin modification has been intensively studied for growth factor releasing matrices in tissue engineering. Heparin is a highly sulfated glycosoaminoglycan (GAG) constituting the extracellular matrix known for its specific interaction with various angiogenic growth factors [256] . Heparin binding preserve the stability and biological activity of the growth factors. A wide variety of scaffold matrices, including nanofibers, prepared from collagen, fibrin, chitosan, alginate, PLA and PLGA, have been immobilized with heparin to achieve sustained release of growth factors [257] [258] [259] [260] [261] [262] . Growth factors can be incorporated into the scaffold matrix either by bulk encapsulation, specific or nonspecific surface adsorption and adding microspheres encapsulating them.
The formation of blood vessels, providing facile transport of oxygen and nutrients is essential for the survival of growing tissue or organ in the tissue engineering [263] . Various angiogenetic growth factors, such as vascular endothelial growth factor (VEGF), acidic or basic fibroblast growth factor (aFGF, bFGF), angiopoietin, and platelet-derived growth factor (PDGF), have been incorporated into 3D matrices. However, serious problems reside in maintaining structural integrity and bioactivity of the protein at the direct encapsulation [264] . Simple physical adsorption of growth factors on the surface of scaffolds could partially solve this problem [265] . Porous poly(lactic acid) (PLA) sponges have been surface coated with bFGF. Engraftment of hepatocytes followed by implantation has resulted in improved blood vessel in-growth with increasing the extent of cell survival. However, the physical adsorption method failed to induce angiogenesis when implanted, due to lack of long-term sustained release effects at the local tissue side. To achieve sustained release of angiogenic growth factors from the scaffold, heparin immobilized scaffolds have been prepared which can interact with heparin-binding angiogenic growth factors, including VEGF and bFGF with specific binding affinity [266] [267] [268] .
Yoon et al. [269] fabricated macroporous PLGA scaffolds using blending mixture of PLGA and NH 2 -PEG-PLGA to generate surface amine groups for heparin immobilization. bFGF binding and release studies showed that bFGF sustained release while retaining its bioactivity as determined by proliferation of endothelial cells in vitro. When bFGF loaded heparin modified scaffolds have been implanted in vivo, significantly enhanced neovascularization has been observed. Heparin immobilized microspheres also release out bioactive bFGF in a sustained manner and exhibit pronounced angiogenic effect in an animal model [270, 271] .
Porous scaffolds for bone and cartilage regeneration can be further enhanced by altering the surface properties through covalent coupling of cell growth factors. Covalently couplet protein gradients within three-dimensional fibrous scaffolds are crucial for generation of the gradient futures required in the formation of more complex skeletal tissues, such as osteohondral systems [272] . The majority of currently used implant materials in orthopedics lacks osteoconductivity. A number of surface modification techniques (hydrothermal-electrochemical deposition, plasma spraying, ion beam assisted deposition, and biomimetic deposition) have been employed to solve this problem. Furthermore, biomimetic processes have been also employed to render nonbioactive polymer tissue engineering scaffolds osteoconductive [273] .
Stimuli (physical-, chemical-or biological)-responsive biomaterials creation is one of the latest directions. For example, the polymer hydrogels may be induced to swell or shrink in response to a variety of environmental stimuli, such as changes in pH or temperature, or the presence of a specific chemical substrate. When hydrogels swell or shrink, complex patterns may be generated on their surface. The character of gel surface can be modified by selectively depositing another material using a mask, for example, deposition of small areas of N-isopropylacrylamide (NIPA) gels on the surface of an acrylamide gel [274] . Ebara et al. [275] create PDMS micro channel system with stimuli responsive surface grafting poly(N-isopropylacryl amide) (PNIPA) onto the photoinitiator preadsorbed channel walls. The grafting density and the corresponding reversible hydrophilic/hydrophobic properties (water contact angle of about 35
• below the critical solution temperature and of 82
• above it) are controlled by varying the UV irradiation time and the photoinitiator amount. Stoica et al. [276] present new synthetic rout to couple selectively a modified octa-peptide, that is able to gel at low temperature, to the prototypical thermoresponsive poly(N-isopropylacryl amide) to give bioconjugate that exhibits double thermoresponsiveness.
Summary and Future Outlook
Polymeric biomaterials with controlled protein adsorption and cellular interactions are currently of extremely increasing interest, mainly because of their potential for applications in the regenerative medicine and tissue engineering. Repairing or replacing of damaged tissues or organs requires biocompatible materials that emulate living tissues. A future challenge is to modify biomaterials used for this purpose in a way that they imitate in their composition and/or structure the native physiological conditions for the tissue specific cells. Surface engineering plays an important role in the development of such biomaterials. Enormous research activity is focused now on the delivering of new and improved biomimetic biomaterials.
The level of biological complexity that needs to be recapitulated within a synthetic three-dimensional environment is still uncertain and further understanding of the interactions occurring at cell surface/substrate interface requires. It is likely that biofunctionalization strategies will continue to play a key role because they integrate micronand nanoscale features into designed scaffolds better.
Development of stimuli-responsive polymeric biomaterials is expected to enable feedback-controlled scaffold structures for tissue engineering. Having a built-in adaptation of physical properties, such as elasticity or permeability, for example, similar synthetic polymer architectures will come closer to dynamic nature of the living matter.
The development of new strategies to creation of surface engineered biomaterials with improved biocontact properties (providing a biomimetic microenvironment conductive to cell adhesion, proliferation, differentiation, and host tissue integration) requires a more in-depth investigation on the mechanisms of protein adsorption and reorganization, as well as of the bioadhesion and cell/biomaterial and cell/extra cellular matrix interactions, cell signaling and cell growth biology.
